Optical Coherence Tomography (OCT) is a promising non-invasive imaging technology capable of carrying out 3D high-resolution cross-sectional images of the internal microstructure of examined material. However, almost all of these systems are expensive, requiring the use of complex optical setups, expensive light sources and complicated scanning of the sample under test. In addition most of these systems have not taken advantage of the competitively priced optical components available at wavelength within the main optical communications band located in the 1550 nm region. A comparatively simple and inexpensive full-field OCT system (FF-OCT), based on a superluminescent diode (SLD) light source and anti-stokes imaging device was constructed, to perform 3D cross-sectional imaging. This kind of inexpensive setup with moderate resolution could be easily applicable in low-level biomedical and industrial diagnostics. This paper involves calibration of the system and determines its suitability for imaging structures of biological tissues such as teeth, which has low absorption at 1550 nm.
THE OCT SYSTEM

Experimental setup
Full-field OCT is a type of OCT that enables the capture of two-dimensional en-face images in a single exposure. Depth scanning is facilitated by scanning the reference mirror or moving the sample axially in the fashion of conventional time domain system (TD-OCT) [1] . The lateral resolution is limited by the scanning optics and camera pixel size. The axial scan resolution is limited by the source bandwidth. The schematic of our full-field OCT system is shown in Fig. 1 . It is based on a free-space Michelson interferometer with low numerical aperture (0.2 NA) focusing lenses in both arms. The light source is a superluminescent diode (Superlum SLD-761, centre wavelength λ c = 1563.5 nm, optical power P = 4.5 mW) with a roughly Gaussian spectrum with a 44 nm bandwidth, leading to an OCT resolution of approximately 24 µm. The interferometer output is projected onto a phosphor coated 2D CCD array camera (Ophir-Spiricon, model L070-1550). The phosphor coating is an anti-Stokes material that up-converts radiation in the 1460 nm to 1625 nm range to visible light measurable by the CCD. As shown in Fig. 2 the conversion efficiency of the camera is highly nonlinear. As a result, some wavelengths are just severely suppressed by the camera phosphor coating. This leads to large loss of optical power striking on CCD array. The camera array size is 640 x 480 pixels, has an external trigger and allows image data to be processed in real-time by LabView and MatLab by the use of a USB connection to a Personal Computer (PC). 2x2 binning is applied to increase the effective dynamic range of the camera.
The reference arm contains a neutral density filter to reduce the power of the reference signal in order to avoid camera saturation and improve the interferometer visibility. A translation stage (ThorLabs MTS50/M) is used to provide depth scanning. Its mirror is mounted on a piezoelectric stage actuator (PZT; PI model S-303), which is used to shift the reference beam phase four times (0, λ c /4, λ c /2 and 3λ c /4) for every depth scan step, so four stacks of N camera images are acquired for each depth scan step, a technique similar to that described in previous papers [2] [3] [4] [5] [6] . Increasing the number N of frames aquired to calculate every depth scan, improves visibility and contrast of the final image. The phase-shifting, depth scanning and image acquistion are controlled in real-time by the PC. Signal required versus wavelength to achieve camera full signal illumination by Anti-Stokes up conversion material [1] .
The grey area indicates the spectral range of the SLD.
Image restoration method
The signal I p (x, y) detected by each camera pixel,with coordinates (x, y), corresponding to each phase shift can be expressed as:
Where I 0 (x,y) denotes the average signal intensity and ( , ) x y φ denotes the optical phase. I coh (x,y) is the intensity of the coherent signal, which is proportional to the time-averaged cross-correlation of the sample and reference optical fields. For every phase shift step, a N number of frames is collected and summed up.
Standard number of frames used to build single phase step image is 30. The four equations in (2) can be combined to obtain I coh (x,y) as:
This method allows reasonably faster data computations than Fourier or Hilbert [7] transforms based algorithms. Another important role of the detection scheme is to eliminate the dc component I 0 (x,y). Full-field OCT systems using similar algorithms [2] [3] [4] [5] [6] rely on direct synchronization between the detector and PZT, which yields fast data acquisition speed but introduces additional modulation of the optical phase. This approach cannot be realized here, due to limitation in the camera design, the CCD camera frame rate can vary significantly even over timescales of a few seconds.
System calibration
As a first demonstration of the OCT system, it was used to detect the interfaces between two dielectric layers. The dielectrics are silicon and sapphire windows characterized by ~55% and ~15% reflectivity and 3.7 and 1.7 refractive indexes respectively at 1564 nm. Scans were made across 5 mm and 3.2 mm optical paths with a 10 µm depth scan step. The acquired data was post processed in MatLab. The experimental results are shown in Fig. 3 . The bright lines in Fig. 3 are the detected window-window and air-window interfaces. The detected interface between the two windows is somewhat blurred. This is because in this region there are actually two reflections, one from each mirror boundary. Because the axial resolution is of the order of 10s of microns it is not possible to resolve these two surfaces precisely and measure the point spread function of the system. The air-window interfaces are indicated more precisely. Because the sample targets have smooth and very reflective surfaces the contrast is very close to 1. 
TISSUE IMAGING
The principle of this study was to acquire of tomographic scans of a tooth using described setup. A human tooth, as illustrated in Fig. 4 , consists of a crown and a root. The junction between them is called the cervical margin. The tooth's crown is covered by enamel, which is an acellular, highly mineralized tissue. Enamel is an ordered array of inorganic crystals surrounded by a matrix made of protein, lipid and water. The crystals are approximately 30-40 nm in diameter and can be as long as 10 μm. The crystals are clustered together in ~4-μm-diameter prisms-like structures, which are roughly perpendicular to the tooth surface [9, 14] . The bulk of the tooth is made of dentin, which is a hard, elastic tissue that primarily consists of collagen, fibrils and inorganic components and water (~18-20% by volume). The main dentin structural components are micrometer-sized tubules [8, 11, 14] . The interior of the tooth is called the pulp, a soft connective tissue that is innervated and highly vascular. Due to the complex nature of these structures, the scattering distributions are anisotropic and depend on tissue orientation relative to the irradiating light source. In [10] the total extinction of sound enamel has been estimated as ~3.8 cm -1 and it is dominated by absorption of water [10] (for enamel it is 2-12% by volume [8] [9] [10] ) -
This yield approximately 3 mm mean free path for a photon travelling in this tissue before getting absorbed or scattered. Optical imaging of dentin is limited by scattering. The major role in this process is played by tubules, which are the most important scatterers in dentin [11] . In [12] the averaged refractive indices of enamel and dentin for near-IR light have been estimated as 1.631±0.007 and 1.540±0.013 respectively. Light scattering is primarily determined by a combination of Mie and Rayleigh scattering and has been shown to be high in the visible range [12] . Since absorption in near-IR wavelength range is much lower, these wavelengths are more suitable for diagnostics in dentistry. Fig. 4 . Schematic cross section of a tooth [14] . Fig. 5 . Plot of the attenuation coefficient of dental enamel and the absorption coefficient of water (open-circles) vs. wavelength [11] .
Tooth samples were sat in a plastic disc and polished to 1µm roughness. The aim of the polishing was to achieve a flat enamel surface with a enamel-dentin interface a few 100s of microns below. Then, approximately same area of sample has been scanned using the experimental OCT and commercially available ThorLabs swept-source system. The experimental results are shown in Fig. 6 . As shown in Fig. 6a , the experimental OCT system has poor penetration depth and the rather poor feature resolution and in particular it is difficult to resolve the enamel-dentin interface. Blurred and non-uniform air-enamel boundary signs poor depth resolution of the order of 10s of microns (theoretical 24 µm). A-scan or XY images were mostly uniform and deprived of information about the depth scan or air-enamel surface profile. Image contrast is also poor.
It was decided to pick a different type of sample, less absorbing and with different structure, so a piece of garlic skin sample was also used. This time it was difficult to retrieve air-sample interfaces, but some internal structure information was recorded and shown in Fig. 7 .
CONCLUSION
We have proposed a simple and inexpensive FF-OCT system working in 1550 nm range. Its performance is currently poor and requires further improvements. Its penetration depth and resolution are limited. An Erbiumdoped amplifier has been coupled with SLD to produce more optical power, but resulting 14 mW output power (SLD output power is ~4.5 mW) did not increase the penetration depth significantly. Furthermore, the amplifier causes a narrowing of the source spectrum and therefore increasing the coherence length. It also brought some false targets into depth scans due to internal reflections inside the device cavity. Test results with the amplifier have not been included to this paper. A problem of nonlinear response of CCD camera phosphor coating has not been yet resolved. It causes severe power losses for longer wavelengths in the source spectrum. Surprisingly, it was not possible to retrieve any details about air-enamel surface or enamel internal profile. However it succeeded with examining a cellular sample, but lateral resolution did not allow recording much details and resulting A-scan is somehow blurred.
Next step will be optimizing OCT current performance by means of improving lateral resolution and penetration depth. A first step will be to replace the scanning optics and sample and reference arm of the interferometer. The latter could be solved by extending the setup with polarization sensitive elements to improve system settings. Enamel-dentin interface
